Micron-scale computed tomography (micro-CT) is an essential tool for phenotyping and for elucidating diseases and their therapies. This work is focused on preclinical micro-CT imaging, reviewing relevant principles, technologies, and applications. Commonly, micro-CT provides high-resolution anatomic information, either on its own or in conjunction with lower-resolution functional imaging modalities such as positron emission tomography (PET) and single-photon emission computed tomography (SPECT). More recently, however, advanced applications of micro-CT produce functional information by translating clinical applications to model systems (e.g. measuring cardiac functional metrics) and by pioneering new ones (e.g. measuring tumor vascular permeability with nanoparticle contrast agents). The primary limitations of micro-CT imaging are the associated radiation dose and relatively poor soft tissue contrast. We review several image reconstruction strategies based on iterative, statistical, and gradient sparsity regularization, demonstrating that high image quality is achievable with low radiation dose given ever more powerful computational resources. We also review two contrast mechanisms under intense development. The first is spectral contrast for quantitative material discrimination in combination with passive or actively targeted nanoparticle contrast agents. The second is phase contrast which measures refraction in biological tissues for improved contrast and potentially reduced radiation dose relative to standard absorption imaging. These technological advancements promise to develop micro-CT into a commonplace, functional and even molecular imaging modality.
Introduction
The availability of micro-CT imaging has increased over the last decade and has shown its utility in many preclinical applications. The micro-CT instruments have evolved from custom-made to commercially available scanners designed for either ex vivo or in vivo imaging. Relative to other imaging methods, the strengths of micro-CT lie in its high resolution, relatively low cost, and scanning efficiency. In essence, a micro-CT scanner is based on the same physical principles as a clinical CT scanner, but it is designed for higher-resolution imaging.
A schematic of the complete micro-CT imaging process is shown in Fig. 1 . Micro-CT typically produces three-dimensional (3D) tomographic data at microscopic resolution (voxel size 100 mm
)
by taking several hundred, two-dimensional (2D) cone-beam projections from multiple angles around the animal [1] . The raw projection data are stored on a computer, where they are preprocessed prior to image reconstruction using dark current and flat-field images. The set of log-transformed projection images, also referred to as the cone-beam, X-ray transform of the linear attenuation coefficients, are the input to a tomographic reconstruction algorithm such as the Feldkamp algorithm [2] . The geometric parameters of the scanning are also incorporated into the reconstruction algorithm to produce tomographic images free from misalignment artifacts [3] . The intensity of each voxel within the reconstruction is proportional to the mean linear attenuation coefficient in the specimen at the same spatial location. Reconstructing isotropic voxels allows visualization in any orientation as 2D slices or a rendered 3D volume. This paper is a review of stateof-the-art micro-CT for rodent imaging. We present fundamental principles, relevant technologies, and established applications before introducing new developments associated with spectral and phase contrast imaging. These new developments promise to extend micro-CT imaging as functional and molecular imaging modality.
Technology

X-ray sources
The choice of the X-ray source strongly affects micro-CT system performance. Due to the tradeoff between focal spot size and thermal loading of the source's metallic anode, most X-ray tubes with mini-focus or micro-focus tubes (focal spot diameter:
<~50 mm) operate with very low photon output (on the order of 100-times lower) compared to the high-power tubes used in clinical scanners [4] . This fact leads to a dramatic increase in the average scan time required in micro-CT to get within an order of magnitude of the noise level seen in clinical CT of about 5e10 Hounsfield units (HU).
Among the different types of X-ray sources for micro-CT found in the literature, the most used are micro-focus, fixed tungsten anode tubes operating in continuous mode, with voltages in the range of 20e100 kV and anode currents in the range of 50e1000 mA. In vivo micro-CT systems working at low magnification often use pulsed X-ray sources with higher power and wider focal spots, in the range of 0.3e0.6 mm. The use of pulsed X-ray sources is especially important for prospective electrocardiogram (ECG) gating [5] . This type of imaging can also be done with sources operating in continuous mode by using external shutters; nevertheless, the total number of photons emitted during each pulse is very low when using shutters, and the X-ray transmission through the closed shutter must be taken into account for proper raw data calibration.
Additional X-ray tube designs have been proposed. Cao et al. have investigated the use of a compact field-emission micro-focus X-ray source based on carbon nanotubes [6, 7] . In this type of source, the metal filament cathode is replaced by a field emission cathode that is capable of emitting electrons at room temperature with voltage controlled output current [8] . The authors obtained stable emission of X-rays at 50 kV and 1 mA, with a pulse length down to 20 ms and with a focal spot size of 100 microns. Despite the improvement of a factor of 5e6 in focal spot size with respect to standard pulsed X-ray sources, the overall performance of the resulting micro-CT scanner in terms of spatial resolution was comparable to that of other systems for in vivo imaging (5 lp/mm at 10% of the modulation transfer function, MTF) because of the low magnification used. We note that the MTF measures contrast transfer from the object to the reconstructed image as a function of spatial resolution. The 10% cutoff (i.e. the spatial resolution at which 10% of the contrast is transferred) is often used as a measure of spatial resolution in CT systems (reported in line pairs/distance).
For ex vivo imaging of small biological samples at very high magnification, the need for very small focus is more stringent because it represents the main limiting factor of the spatial resolution. Reflection-anode X-ray tubes with focal spots in the range of 5e20 microns are available on the market. Because of the very high power density that such narrow electron beams can release on the target surface, the anode current must be controlled as a function of focal spot size to prevent melting [9] . The maximum anode currents in most micro-focus X-ray tubes are on the order of 100e200 mA, with maximum power <10 W.
Other drawbacks of reflection-type X-ray sources with thick targets include a relatively narrow aperture of the cone beam (in the range of 30 e60 ) and a limited capability of reducing the focus-toobject distance below a few millimeters. Non-uniformity of the beam intensity due to the heel effect can be reduced by flat-field (gain) correction; however, accounting for the variation in the Xray spectrum across the beam profile is difficult [10] . Open-type sources with thin-target transmission anodes overcome these limitations, providing radiation beams with angular apertures in the range of 140 e160 with the possibility of putting the object virtually in contact with the focus. However, the back of transmission targets cannot be cooled with liquid, reducing the maximum possible power per unit area compared to reflection anodes. The spatial resolution obtainable with this type of source can be <1 micron, which is similar to synchrotron based imaging. Nevertheless, synchrotron-based micro-CT and nano-CT are still superior to laboratory-level micro-and nano-CT systems in terms of contrast resolution and signal-to-noise ratio because synchrotrons provide tunable, monochromatic radiation, avoiding beam hardening artifacts, and much higher photon fluxes, reducing noise [11e13]. 
X-ray detectors
The X-ray detector is a key component of a micro-CT scanner. The majority of micro-CT systems to date employ digital flatsurface 2D detectors leading to a cone beam scanning geometry. Apart from a single case known in the literature of high-resolution CT reconstruction of a rat kidney from the digitization of multiple film radiographs [14] , early prototype micro-CT systems employed X-ray image intensifiers read by charge-coupled devices (CCDs) [15e17] . Later in the mid-1990s, combined detection systems made up of scintillator screens coupled to CCDs via fiber-optic bundles, with various de-magnifying ratios, became the standard for micro-CT imaging [18, 19] . More recently, advances in complementary metal oxide semiconductor (CMOS) technology led to the production of large area detectors with high frame rates which are the most widely used systems for in vivo, small animal imaging [20, 21] . Cooled CCDs are still in use, especially in applications involving low X-ray fluences, due to their very low dark noise with respect to flatpanel CMOS detectors. Also reported in the literature are studies on the use of direct conversion detectors coupled to thin-film transistor (TFT) arrays [19] and of single-pixel or small area detectors operating in photon counting mode [18, 22, 23] for small animal micro-CT.
Energy discriminating photon counting X-ray detectors (PCXD) are the subject of intensive research and promise to make spectral CT a reality. In fact, micro-CT is the testing stage for spectral CT using PCXD [24] . PCXDs with energy binning can improve CT performance by counting and binning each X-ray detected into a number of energy bins equal to the number of energy thresholds per pixel. PCXDs allow for the elimination of dark noise in the image by rejecting all counts below the signal and also allow for spectral separation. The technology, currently in its infancy, is set to grow rapidly.
Sensor materials for PCXDs include silicon (Si), gallium arsenide (GaAs), and cadmium telluride (CdTe) with pixel sizes as small as 55 mm [24] . Yet, there remain technical limitations to spectral detectors that preclude their immediate replacement of conventional, energy-integrating detectors for biomedical CT applications [25] . For example, Si is an X-ray detector material with fast signal collection and low susceptibility to signal pile-up but suffers from a high fraction of Compton interaction at X-ray energies encountered in CT practice, degrading its spectral imaging capabilities [26] . For example, the Medipix detector has a small pixel size and high spatial resolution and is better suited for imaging of small animals in preclinical applications than other detectors [24, 27] . Medipix is a series of photon-counting detectors for X-ray micro-imaging from the CERN [28] . Medipix1 has a pixel size of 170 Â 170 mm Medipix2 reduces the pixel size to 55 Â 55 mm. The performance of Medipix2 is limited by charge sharing over neighboring pixels, compromising energy resolution. Medipix3 addresses this problem using a photon-processing chip with special circuitry to allow charge deposition in adjacent pixels to be summed and analyzed with two simultaneous energy thresholds and without spectral distortion [27] . The readout logic supports eight energy thresholds over 110 Â 110 mm for spectroscopic imaging. A commercially available micro-CT system (MARS; University of Canterbury; Christchurch, New Zealand) is equipped with Medipix3 detectors. We review spectral micro-CT in Section Spectral micro-CT.
System geometry
There are two common system geometries for micro-CT: rotating gantry and rotating specimen. Most in vivo micro-CT systems employ a rotating gantry geometry in which the X-ray tube and detector are assembled in a single gantry. The gantry rotates around a central axis while the animal or the specimen lies stationary on a table between the tube and detector (Fig. 1) . By contrast, most ex vivo micro-CT systems employ a rotating specimen geometry where the X-ray source and detector are stationary. For rotating specimen systems, changing the position of the specimen to adjust magnification can be more practical than in rotating gantry systems. The rotating specimen geometry has not gained popularity for in vivo imaging, primarily because the animal must be mounted vertically.
In designing micro-CT systems with either geometry, a balance must be struck between the system dimensions, the required spatial resolution, the focal spot size of the X-ray source, and the photon fluence produced by the X-ray source (Section X-ray sources). Positioning the specimen closer to the X-ray source and farther from the detector increases geometric magnification, increasing spatial resolution while reducing the field of view covered by the detector. The magnification can be increased up to the limits imposed by the system dimensions or by penumbra blurring. Penumbra blurring describes the X-ray projection blur resulting from the finite size of the X-ray tube focal spot and the system configuration [29] . If the specimen to detector distance and source to specimen distance are similar, as in most rotating gantry systems, penumbra blurring becomes comparable to the focal spot size. Rotating gantry systems operating at moderate magnifications for dynamic, in vivo micro-CT imaging include [30] and [31] . To allow the use of a high fluence X-ray source with a large focal spot, the specimen can be placed close to the detector, limiting spatial resolution, but enabling very short exposures for in vivo cardiorespiratory imaging in rodents. This configuration has been demonstrated for dynamic, in vivo micro-CT imaging in a rotating specimen geometry [32] .
Regardless of system geometry, a very important requirement for successful image reconstruction is geometric calibration [3] . Some scanners now provide zoom-in capability and variable geometry [33] . With such changes, geometric calibration is required to maximize spatial resolution in the reconstructed image data. Automated calibration methods have been developed which estimate geometric parameters based on projections of a generic object [34] and by reconstruction-based optimization of image sharpness metrics [35] .
Image reconstruction
CT image reconstruction solves an inverse problem which maps cone beam projection data to a 3D matrix corresponding to a discretized, tomographic representation of the specimen [36] . There are two major types of algorithms: 1) filtered back projection (FBP)-based algorithms, and 2) iterative algorithms [37] . The most commonly used reconstruction algorithms in CT and micro-CT are based on FBP. In FBP, the acquired, 2D, cone-beam projections are filtered, using a convolution kernel that reduces the blurring inherent to the back-projection process, and then they are backprojected (i.e. smeared back) through the object space at the appropriate angle to generate an image. While first developed for 2D imaging (parallel or fan beam), convolution back projection was adapted by Feldkamp et al. [2] to compensate for the cone-beam geometry. This method forms the basis for the reconstruction algorithms used in most current micro-CT systems. While Feldkamp's algorithm is considered to be an approximation, since the circular sampling trajectory does not satisfy Tuy's data sufficiency condition [38] , the quality of the reconstructed images is acceptable if the cone angle is less than about 10 [1] , except for very unusual object configurations [39] .
When the number of projections available for reconstruction is limited and/or the projections are very noisy (e.g. low dose scanning), iterative and statistical reconstruction algorithms can provide notably better image quality than FBP. Reduction in the number of views translates directly to reduced radiation dose to the animal. Furthermore, it is often impractical to acquire projections with regular-angular sampling in dynamic imaging applications (Section Cardio-respiratory gating in small animal micro-CT), resulting in reconstruction artifacts when FBP is used. Iterative algorithms such as the algebraic reconstruction technique (ART) [40] present an alternative to FBP with the potential for robust reconstruction given less than ideal projection data [37] . With such algorithms, the reconstructed volume is refined by repeatedly comparing simulated re-projections of the reconstructed volume with the original projections.
Artifacts from FBP reconstruction with an irregular-angular distribution of projections manifest as long thin streaks and shading artifacts. Total variation minimization (TV) has been recognized for its ability to suppress artifacts, while leaving boundaries between homogeneous regions intact [41] . TV minimization can be interleaved with iterative reconstruction algorithms such as the simultaneous algebraic reconstruction technique (SART) by performing one or more iterations of each in turn. To illustrate the power of SART-TV based reconstruction using irregularly sampled projections, we present its application in 4D cardiac micro-CT. Specifically, Fig. 2 compares image quality of FBP (a) and SART-TV (b) reconstructions when only 95 irregularly sampled projections were used [42] . Note the reduction of the streaks with SART-TV.
Statistical image reconstruction is another class of iterative reconstruction algorithms, first introduced for transmission imaging in nuclear medicine, but also applied for CT reconstruction [43] . In essence, these algorithms treat the reconstruction as a statistical estimation problem and have the advantage that they can accurately model Poisson noise in the projection data. This results in lower noise levels with statistical reconstruction for the same data when compared with FBP reconstruction.
One major limitation of iterative reconstruction algorithms is their running time. To overcome this limitation, the graphics processing unit (GPU) has been recognized as an alternative computer architecture with potential for accelerating CT reconstruction [44] . This parallel architecture is ideal for CT reconstruction steps in which the same arithmetic operations must be performed at multiple pixels or voxels (e.g. projection, back projection). The development of programming tools for general-purpose computing on the GPU, such as NVIDIA's Compute Unified Device Architecture (CUDA; Santa Clara, CA), has facilitated the acceleration of CT reconstruction, presenting the opportunity to explore more complex iterative algorithms. Micro-CT is already benefiting from GPUbased implementations of analytical, iterative, and statistical image reconstruction [45e47].
Cardio-respiratory gating in small animal micro-CT
The influence of cardiac and respiratory motion during in vivo scanning can be minimized by using cardio-respiratory gating. 4D micro-CT used in cardio-pulmonary studies typically employs either prospective gating (PG) or retrospective gating (RG). In PG, acquisition is triggered by the coincidence of a selected respiratory phase and a selected cardiac phase. This produces a set of projections with a constant angular step, resulting in reconstructed images that are free of streaking artifacts. However, because of the time spent waiting for the coincidence of cardiac and respiratory events, the scan time can take as long as 1 h to cover 10 different phases of the cardiac cycle [4] .
In RG, the projection images are acquired at a rapid and constant rate without waiting for cardiac and respiratory coincidence. Respiratory and ECG signals are monitored and saved in synchrony with the acquisition of the projections. Using these signals postsampling (i.e. retrospectively), the projections are sorted into different subsets corresponding to different cardiac and respiratory phases. With this protocol, the scan time can be shortened to 50 s, when using a slip ring gantry [30] . However, the irregular angular distribution causes streaking artifacts in the FBP-based reconstructed images. As shown by Fig. 2 , superior results are possible using regularized iterative algorithms such as SART-TV [42] . More recently, a new gating strategy called fast prospective gating (FPG) has been introduced [48] , which combines the regular angular distribution of PG with the fast scan time of RG. In FPG, multiple projections are acquired at the same angle, corresponding to all cardiac or respiratory phases to be reconstructed, before the cradle is rotated to the next angle. FPG requires on-the-fly computation of the triggering events, which are delayed from the peaks of the respiratory or cardiac signals.
In terms of implementation, most of the proposed methods involve extrinsic cardio-respiratory gating, in which the cardiac and respiratory signals are acquired with dedicated monitoring devices (i.e. ECG leads and a pneumatic respiratory pillow). In addition to these extrinsic gating techniques, an intrinsic image-based gating approach without any external devices was developed, initially for a clinical, spiral cone-beam CT scanner [49] . In intrinsic gating, a post-processing algorithm evaluates the center of mass of certain regions of interest (ROIs) within each projection to detect respiratory and cardiac motion [50e52].
Contrast agents
One of the major challenges for CT imaging is its poor contrast sensitivity in biological soft tissue. Several staining methods have been proposed to increase soft tissue contrast in ex vivo specimens scanned with micro-CT. Osmium staining has been demonstrated successfully in several micro-CT applications, including phenotyping mouse embryos [53] . Other stains, based on inorganic iodine and phosphotungstic acid, are easier to handle and much less toxic than osmium, and they produce high-contrast X-ray images of a wide variety of soft tissues [54, 55] .
Vascular contrast agents for in vivo micro-CT imaging fall into one of two categories: (1) low molecular weight and (2) blood pool. Iodine-based, low molecular weight contrast agents used for clinical CT imaging applications (e.g. Omnipaque from GE Healthcare, Isovue from Bracco Diagnostic) can also be used for preclinical micro-CT in rodents; however, such agents clear from mouse vasculature within seconds [56] . Iodine-based, blood pool contrast agents (e.g. Fenestra from ART, eXIA from Binitio Biomedical) provide stable enhancement over the course of minutes to an hour [57] , facilitating translation of clinical imaging applications to rodent model systems. Larger nanoparticle contrast agents based on variety of high atomic number elements show great potential for functional and molecular CT imaging applications and provide fine control over vascular half-life. Examples include~100 nm liposomes encapsulating iodine [58] (half-life:~40 h in mice) or gadolinium [59] ,~15 nm pegylated gold nanoparticles (AuroVist from Nanoprobes, Inc., half-life:~15 h in mice), and barium-based ExiTron nano from Miltenyi Biotec.
Nanoparticle-based contrast agents have now opened the door for molecular CT imaging using various passive and active targeting strategies [60e65] . Such probe development is extremely important for the future of spectral micro-CT, extending its capabilities to provide functional and molecular information [66] . For example, fibrin-targeted nanoparticles have been used to detect and characterize atherosclerotic plaques [67] . Current and future applications of blood pool and nanoparticle contrast agents for in vivo micro-CT imaging are discussed at length in Section Applications and Section Spectral micro-CT.
Radiation dose
X-ray exposure can be harmful since it can disrupt chemical bonds and can create free radicals in the body [68, 69] . Micron-scale spatial resolution requires relatively high radiation exposure, often making radiation dose a concern and limitation for in vivo applications [68] . The total absorbed radiation dose is a function of radiation exposure from the X-ray tube (measured in milliampereseconds), beam hardness, and desired image quality (resolution, noise, and contrast) [70] . Increasing the spatial resolution for in vivo micro-CT imaging is non-trivial due to the associated increase in radiation dose. To illustrate, using an ideal micro-CT scanner, a coefficient of variation (defined as the ratio between the mean value and noise) with a value of 1% can be obtained at 135 mm resolution and a dose of 0.25 Gy. However, if the resolution is to be increased to 65 mm, the associated dose for the same coefficient of variation would be nearly 5 Gy [68, 71] .
One way to express dose limitations for small animals is in terms of the lethal dose (LD) for a population. LD 50/30 refers to the wholebody radiation dose that would kill 50% of the exposed animals within 30 days. The LD 50/30 in mice is reported to range between 5 and 7.6 Gy depending on the strain of mouse, age at exposure, and many other factors [72e75]. Typical X-ray, whole-body radiation dose for a 3D micro-CT scan reported in the literature ranges from 0.017 Gye0.78 Gy, depending on the diagnostic demand and the contrast resolution required [76] .
If micro-CT is performed longitudinally, radiation dose can accumulate. The thorax and abdomen are the most radiosensitive regions of an animal, with the most immediate symptom of highdose micro-CT being radiation-induced pneumonitis. Pneumonitis can arise as a lethal complication when the thorax is exposed to over 1.9 Gy [77] . Fortunately, rodents have the ability to repair sublethal doses of radiation over periods of a few hours, so that repeated exposures of about 30 cGy have not compromised the survival of mice in previous studies [78] . Taschereau et al. have reported that the average whole-body dose for longitudinal micro-CT exams is likely to be less than 16 cGy [70] , making it unlikely that radiation exposure will be a limiting factor for longitudinal studies using in vivo micro-CT. In fact, in a recent study, C57BL/6 mice were imaged with micro-CT multiple times for 6 weeks in order to determine the effect of the cumulative dose on pulmonary and cardiac tissue at the end of the study [79] . The study concluded that a dose as high as 5 Gy accumulated over 6 weeks during a longitudinal micro-CT study had no significant effects on the pulmonary and myocardial tissue of C57BL/6 mice. However, the radiation dose associated with in vivo micro-CT imaging protocols should be estimated and minimized whenever possible. Such considerations are especially crucial in cancer therapy applications where the radiation dose associated with imaging must be sub-therapeutic to avoid complicating interpretation of the results.
Applications
Bone imaging
Micro-CT has been used to investigate the structure and density of rodent bone since its very beginnings [15, 80] , due to its high spatial resolution and high contrast in imaging mineralized tissues. In fact, the study of bone architecture and density drove the early developments of micro-CT systems [81] . When employed in ex vivo studies, the spatial resolution of dedicated bench-top systems approaches that provided by synchrotron sources [82] . Since the acquisition protocol is constrained by dose to the animal [68] , in vivo acquisitions produce reconstructions with lower spatial resolution. Nonetheless, a nominal spatial resolution of about 50 mm has been shown effective in following live rodents during studies of osteoarthritis [83, 84] and bone remodeling [85] .
The application of micro-CT in longitudinal, orthopedic studies has been demonstrated in the study of bone architecture changes over time [86, 87] , where parameters such as volumetric bone mineral density, bone volume ratio, bone surface ratio, and trabecular thickness are reported. A comprehensive review of the morphometric parameters that can be extracted from bone micro-CT images has been published [88] . Such micro-CT bone structural parameters were used to quantify the effects of vascular endothelial growth factor (VEGF) [89] and stem cell treatments [90] in bone healing and also bone loss and cortical thickening in total body irradiation and bone marrow transplantation in mice [91] . In osteoporosis research, micro-CT data of the proximal tibiae in small animal models enables study of the progression of disease after ovariectomy [92] or immobilization [93] . Similar quantification has been performed on human biopsy specimens from iliac crest bone to assess the effect of therapy via injection of human parathyroid hormone [94] . In bone regeneration studies, the calvarial defect model in rats, which can provide quantitative information on bone mineral content and bone fractional area [95] , has been used extensively with micro-CT imaging. Also in the field of regenerative medicine, micro-CT plays a fundamental role in the accurate determination of the three-dimensional structure of engineered bone scaffolds, with particular emphasis on porosity and connectivity [96, 97] . Finally, the use of finite element methods (FEM) applied on computerized meshes generated from segmented bone images allows the nondestructive evaluation of the mechanical properties of bones and scaffolds, improving understanding of bone biomechanical properties and reducing the number of sacrificed animals [98] .
Some applications, such as studies of skeletal development [99] , may accept lower resolution but require a larger field of view, i.e. imaging the whole mouse or rat using a flat-panel detector [30, 100, 101] . The study of cancelous bone requires higher resolution, and is often performed ex vivo using excised bones. This is due to the thickness of trabecule in small animal cancelous bone, which can be as thin as 30-50 microns [102] . To avoid quantification errors due to the partial volume effect, voxel sizes in the range of 1e20 microns are used for this type of application. As a rule of thumb, the imaging system's full width at half maximum (FWHM) spatial resolution should be no more than half the minimum thickness to be measured to mitigate the influence of partial volume effects.
The quantification of the morphometric parameters is performed on a binary image obtained by segmenting the original micro-CT volume. In most cases, due to the high contrast between bone, marrow, and muscle, simple threshold-based segmentation is sufficient for both cancelous and cortical bone segmentation on micro-CT images of adequate spatial resolution. In some cases, the original images must be corrected for non-uniformity in order to reliably apply a single global threshold. In all cases, care must be taken in the selection of the threshold value, as it has a significant impact on the results [103] . Several automatic methods have been developed for the robust selection of the threshold value, mostly based on analysis of a histogram of image intensities [104] . Figure 3 illustrates a bone study using in vivo micro-CT [105] . The study demonstrates that measures of inter-microarchitectural bone spacing are sensitive to the presence of focal defects in the proximal tibia for two distinctly different mouse models: a burrhole model for fracture healing research, and a model of osteolytic bone metastases. In these models, the cortical and trabecular bone compartments were both affected by the defect and were, therefore, evaluated as a single unit.
Lung imaging
Enabled by the inherent contrast between air and tissue, CT is a powerful modality for lung imaging. However, pulmonary micro-CT imaging in small animals has been challenging due to their small size and rapid respiratory motion. A voxel size on the order of 75 mm is required to provide anatomic resolution in the mouse comparable to that obtained in CT for humans [106] . Micro-CT can be used successfully to study various lung-disease models, such as emphysema and fibrosis. An emphysema model was created in mice by using intra-tracheal instillation of pancreatic elastase and imaged with micro-CT [107] . Emphysemic regions have shown lower HU values than the normal lung, while the lung volume in these diseased animals was increased. Fibrosis models also have been created in mice by instillation of bleomycin and studied longitudinally with micro-CT during diseases progression [108] . The fibrotic lung regions are identified in micro-CT images by the resulting increase in HU. Furthermore, some studies have also shown that lung compliance can be measured in small animals using micro-CT, by implementing breath-holding over a range of specified pressures and calculating lung volumes from the corresponding images to produce a pressureevolume curve [108, 109] . Micro-CT imaging-based compliance measurements were validated against the gold standard provided by quasi-static compliance measurements using a commercially available small animal ventilator [108] . The loss of pulmonary compliance was investigated in a study of irradiated mice [110] . Figure 4 presents color-coded images from a study focused on the detection and early phase assessment of radiation-induced lung injury in mice [111] . A very early response (1e4 days postirradiation) of the lung to radiation exposure was detectable as HU alterations on 3D CT images. Areas of high density (between À200 to À500 HU) in 3D micro-CT slices are shown in green, and areas of low density (below À500 HU) are shown in blue. The study concluded that both micro-CT and histomorphometry give reliable measurements of air space enlargement associated with early phase, radiation-induced lung injury in mice. However, micro-CT offers advantages, by enabling longitudinal studies and providing a three-dimensional analysis of the entire lung, thus reducing the number of animals required for studies and providing more relevant information on the progression of lung disease.
In vivo micro-CT also provides the capability for contrastenhanced imaging of the rodent lung using stable xenon gas as an inhaled contrast agent. This procedure has been described in a study with adult rats [112] .
Cardiac imaging
Micro-CT has been used to visualize the 3D coronary circulation ex vivo in the young and aged rodent heart using radiopaque MICROFIL (FlowTech, Inc., Carver, MA, USA), a silicon-based polymer [113] . 3D phenotyping of cardiovascular development in mouse embryos also has been achieved by ex vivo micro-CT using commercially available iodine-based contrast agents with low toxicity, and low cost [114] . In vivo micro-CT based cardiac morphological and functional imaging in mice and rats has been reported using both PG and RG approaches [30e32, 42,115e118] .
Cardiac micro-CT requires the use of contrast agents to be able to discriminate between the myocardium and blood. In most studies, blood-pool contrast agents have been used, although, using low molecular weight contrast agents is also possible with slip ring technology and flat panel detectors [30, 31] . For example, recently, a method for imaging cardiac perfusion in the mouse has been proposed using a scan protocol consisting of repetitive injections of conventional, low molecular weight contrast media within several consecutive scans [119] . However, most cardiac micro-CT studies use a blood pool contrast agent and acquire 4D data to measure cardiac functional metrics such as ejection fraction and cardiac output. The accuracy of these measurements was studied as a function of the volume of contrast agent and the number of projections used for reconstruction [117] . Reduction of the volume of contrast agent reduces hypervolemia effects on the hemodynamics, while the reduction in the number of projections translates directly into reduced radiation dose. It was determined that if 5% error in LV volumetric estimation is acceptable, as suggested for human cardiac CT [120] , then sufficient cardiac micro-CT image quality could be provided with approximately 126 projections and a contrast dose of 0.01 ml Fenestra VC (ART Advanced Research Technologies, Inc., Quebec, Canada) per gram body weight. With other formulations of blood pool contrast agents that contain higher iodine concentration, the total volume injected may be further reduced. Formulations such as eXIA 160 (Binitio Biomedical, Inc., Ottawa, Canada), an aqueous colloidal poly-disperse contrast agent with a high iodine concentration (160 mg I/ml), also have been used for cardiac micro-CT, since it creates strong contrast between blood and tissue with a low injection volume of only 0.005 per gram in a mouse [121] .
Global cardiac functional metrics such as cardiac output, stroke volume, ejection fraction, and myocardial mass and localized, dynamic metrics such as wall mall motion can be computed using 4D cardiac micro-CT data sets. Nominally, these measures require laborious segmentation of the murine heart in 4D; however, numerous software packages (Avizo, VSG, Burlington, MA; Vitrea, Vital Images, Minnetonka, MN; ITK-SNAP, [122] ) and algorithmic methods [123e125] are available for semi-and fully-automated cardiac segmentation. Efficient, fully-automated cardiac segmentation is highly desirable for functional and structural phenotyping applications. One such phenotyping application imaged transgenic muscle LIM protein null mice to compare the micro-CT measurements with M-mode echocardiography in a model of heart failure [115] . Cardiac micro-CT has also been used for the evaluation of drug effects, such as shown in a study on dobutamine-induced cardiac stress in rats [126] .
Cardiac micro-CT can also be used for weekly imaging following a sham or coronary-ligation surgery to monitor left ventricular (LV) remodeling post-infarction [118] . Assessment of cardiac function and infarct size were also demonstrated using delayed contrast enhancement by combining the blood pool contrast agent Fenestra VC and a low molecular weight contrast agent [116] . Infarcts also have been imaged using a novel preclinical contrast agent called EXIA 160 [57] which creates strong contrast between blood and tissue immediately after its injection and is subsequently taken up by the myocardium and other metabolically active tissues over time.
As with all in vivo micro-CT, the dose delivered to the animal must be considered. When PG-based cardiac micro-CT was initially proposed, it involved long scan times and a radiation dose on the order of 1 Gy [127] . With retrospective gating, the entrance exposure was less than 0.3 Gy to reconstruct scans covering the entire cardiac cycle [30] . More recent 4D micro-CT methods using superior image reconstruction algorithms have achieved a dose close to 0.2 Gy [52,128e130] .
Cancer imaging
Micro-CT has proven to be useful in tumor detection and tracking, as well as in imaging tumor angiogenesis. For example, micro-CT has been used to detect murine lung nodules with a minimum volume of 0.63 mm 3 [131] , when using a ventilator and prospective respiratory gating. Cancer imaging with micro-CT is intimately related to the use of contrast agents. Dynamic micro-CT has been applied to the direct measure of perfusion in tumors following the injection of conventional contrast agent [132, 133] . Acquisition of perfusion information requires rapid scanning and has only become possible with the introduction of slip-ring based micro-CT scanners capable of acquiring 3D image data sets once per second for periods of a minute or longer [134] . To achieve adequate coverage in the longitudinal direction, the rapid scans often require a reduction in spatial resolution in the longitudinal direction. CT perfusion measurements enable the quantitative evaluation of functional parameters, such as blood flow, blood volume, and permeabilitysurface area productda measure of the leakage rate of contrast from the capillaries into the interstitial space. As previously discussed (Section Contrast agents), due to their rapid clearance in small animals, conventional low molecular weight contrast agents are not widely used for micro-CT. Instead, blood pool and nanoparticle contrast agents are preferred for cancer imaging with micro-CT. Next, we present a number of examples of cancer imaging using blood pool and nanoparticle contrast agents.
Using Fenestra VC, Kindlmann et al. [135] examined the intermediate and large vessels of alveolar rhabdomyosarcomas in a transgenic mouse model. The investigators suggested that micro-CT with Fenestra VC had the best potential for defining vessel diameter, tortuosity, and density for anti-angiogenesis models, but to visualize tumor capillaries, it was necessary to develop instruments that had a higher resolution than those used in their study.
Micro-CT imaging studies were performed in nude mice bearing STC-1 tumors 15 and 30 days after grafting [136] . Animals were injected with Fenestra LC and imaged at 2 and 4 h after the injection. The liver and spleen were clearly differentiated after administration of the contrast agent, reaching mean contrast-to-noise ratios of >2.0 for the liver and~10 for the spleen at the different imaging times. In the spleen, quantification of the tumors with Fenestra LC was not precise, whereas in the liver, tumors (0.3e1.5 mm) were detectable at day 30. Significant amounts of the contrast media were observed to persist in the animals for up to 15 days after a single injection, allowing quantitative follow-up of tumors both in the liver and the spleen, without additional injection of contrast. Strain-specific variations in Fenestra LC uptake and signal duration have been observed in mice without tumors [137] .
Liver tumor volumes also have been quantified in vivo using Fenestra VC in mice injected with murine B16F1 melanoma cells; in this case Fenestra VC (Vascular Contrast) was used instead of Fenestra LC (Liver Contrast) in order to remove the ambiguity between unopacified liver vessels and tumors in the liver 8 h post contrast injection [138] . Because many liver metastases grow on the surface of the liver, a combined strategy of Fenestra VC plus an intraperitoneal injection of extracellular contrast agent was shown to improve tumor volume measurement [138] . Small lesions like liver metastases also have been imaged using a nanoparticle alkaline earth metal-based contrast agent (ExiTron nano from Miltenyi Biotec GmbH) developed for small animal liver imaging with CT [139] .
A liposomal, iodinated contrast agent (Lip-I) has been used to image the tumor micro-environment [140, 141] . Figure 5 outlines a typical tumor study in which Lip-I is used to measure fractional blood volume based on CT data acquired soon after contrast injection and vascular permeability (extravasation) resulting from the enhanced permeability and retention (EPR) effect [142] at a later time point [140] . The same Lip-I has enabled differentiation between fast-and slow-growing primary lung tumors in mice [143] based on differential accumulation (enhancement) over time. In another study, Lip-I accumulation increased significantly in primary sarcomas after mice received 20 Gy radiation treatment [144] .
Multi-modality imaging using micro-CT
Another way in which micro-CT can be used in the study of both function and anatomy is by combining it with other imaging modalities, such as positron emission tomography (PET), singlephoton emission computed tomography (SPECT), or fluorescence tomography [145] . Although very sensitive, fluorescence tomography and nuclear tomographic imaging methods are limited by poor spatial resolution, which becomes a significant issue when imaging mice. Micro-CT is therefore useful in providing anatomical reference and also enables, in the case of nuclear imaging, attenuation correction. Multi-modality imaging is most efficiently performed by combining both imaging modalities (micro-PET/micro-CT or micro-SPECT/micro-CT) into a single scanner (sometimes referred to as hardware image fusion) and then by performing simultaneous or sequential data acquisition [146e148] . Even in the case of hardware fusion, a rigid registration must be applied to match the reference frames of the different acquisition systems [149] .
Micro-CT images are used in hybrid small animal micro-PET/CT scanners to perform the attenuation correction of micro-PET images. The data processing workflow for micro-CT attenuation correction (AC) is very similar to that used for correction of PET data from CT images in combined clinical PET/CT scanners. For this purpose, the CT voxel values are first scaled to the corresponding attenuation coefficient of 511 keV gamma photons using a bilinear function [150] ; then, the micro-CT volume is blurred with a 3D Gaussian kernel to match the resolution of the micro-PET image. Finally, the blurred attenuation-map is forward projected and the exponential is applied to generate the attenuation correction factors (ACF). The ACF are then applied to the original PET sinograms by element-wise multiplication.
Less straightforward is the attenuation correction of micro-SPECT or pinhole-SPECT data. For SPECT, attenuation depends on the actual location where the radioactive decay takes place, information that is not available in the projection space of the emission data. For this reason, the most used method for AC in SPECT simplifies the problem by considering a uniform attenuation coefficient through the entire object, thus avoiding the use of transmission data [151] . More accurate correction can be obtained by including the information of the micro-CT derived, coregistered, AC map into the system matrix and using a maximum-likelihood reconstruction algorithm [152, 153] .
The use of multiple pinhole collimators has resulted in micro-SPECT systems exhibiting sub-millimeter resolution, which are well suited for in vivo studies using rats and mice [154] . It is typically advantageous to combine such a micro-SPECT system with micro-CT, in order to provide high-resolution co-registered images of anatomy [155, 156] . Figure 6 illustrates the capability to perform co-registered lung imaging with micro-SPECT and micro-CT in a mouse model of pulmonary airway obstruction using the U-SPECT-II/CT system (MILabs, Utrecht, The Netherlands) [157] . This hybrid system is fitted with a high-resolution, 0.35 mm, multi-pinhole collimator. Prior to imaging, the anesthetized mouse was injected with 5 mCi of Tc99m-MAA and a liposomal iodine contrast agent (0.008 ml per gram mouse) via a tail vein catheter. The micro-CT image provides the structural information required to understand the cause of this perfusion defect (i.e. the obstruction bead). Together micro-SPECT/ micro-CT images show how a region distal to the airway obstruction maintains a high air fraction consistent with air trapping and limited perfusion.
Future directions
Spectral micro-CT
As previously stated (Section Contrast agents), one of the major challenges for CT imaging is its poor contrast sensitivity. Increased contrast discrimination can be achieved using spectral CT combined with intrinsic (e.g. bone) and extrinsic (e.g. blood pool contrast agents) sources of contrast. Dual energy (DE) CT imaging using an X-ray energy integrating detector and a polychromatic Xray source is the simplest form of spectral CT [158] . Additional metallic beam filters placed between the source and the specimen (e.g. 1e2 mm of aluminum or copper) can be used to preferentially remove low energy photons and to improve spectral separation between polychromatic scans [159] . As an example, dual energy CT can be used to separate extrinsic iodine contrast from intrinsic calcium contrast by exploiting the energy dependence of iodine attenuation observed in a low energy scan (mean energy falls below the k-edge of iodine, 33.2 keV) and a filtered, higher energy scan (mean energy falls above the k-edge of iodine).
Despite its numerous applications in clinical practice, the translation of dual energy CT imaging to preclinical systems has been challenging. The main difference with clinical CT is that micro-CT images are inherently prone to a higher amount of noise as the spatial resolution is also much higher. Apart from the obvious sequential scanning at two different kVps, DE micro-CT sampling Figure 5 . In vivo cancer imaging using liposomal iodinated nanoparticles. Mice are inoculated with cancer cells 3 weeks prior to imaging, allowing xenograft tumors to grow. Imaging is performed immediately after the injection of liposomal iodinated nanoparticles (early phase) and 3e7 days later (delayed phase). The early-phase scan is used to measure tumor fractional blood volume, while the delayed-phase scan is used to measure tumor vessel permeability via the enhanced permeability and retention effect.
strategies include: 1) simultaneous dual source acquisition, and 2) single source acquisition with kVp switching. It has been found that kVp switching allows the most accurate results in DE decomposition, since it is not affected by cross-scattering as in dual source acquisitions [160] . Nominally, sequential and dual source scanning allow the use of a different beam filter for each kVp; however, hardware based methods to allow filter switching in sync with kVp switching have been proposed and demonstrated [159] .
Similar to the clinic, DE micro-CT data is used to perform material decomposition pre-or post-reconstruction (i.e. in the sinogram or image domain) [66] . Image domain decomposition has been preferred so far for micro-CT, given the ease of intensity normalization, image registration, and enhancement measurement in the image domain [130,141,161e164] . For each voxel, DE decomposition solves a system of equations with two non-negative unknowns representing the concentrations of two materials or two attenuation mechanisms (e.g. photoelectric effect and Compton scattering). Since noise is a major limiting factor in decomposition accuracy, applying image domain, joint bilateral filtration (BF; an adaptive, edge preserving smoothing filter) prior to DE decomposition was found to greatly improve the results of DE decomposition [165] . BF provided superior decomposition accuracy, precision, and elemental detectability relative to unfiltered data and to related filtration schemes which did not exploit spectral correlation in both phantom studies and in vivo data.
DE micro-CT has been used to separate 1) iodine and soft tissue in cardiac studies [130] , 2) iodine and calcium in a study focused on imaging plaque-associated macrophages and in separating EPRbased accumulation of Lip-I in a tumor from bone [144, 166] , and 3) to separate iodine-and gold-based nanoparticles in tumors [161, 165] . In the third case, DE micro-CT was used to measure both tumor vascular density and vessel permeability in soft-tissue sarcomas [165] and primary lung tumors [161] . Validation of the observed results was performed using histology and ex vivo measurement of tissue gold and iodine concentrations [161] . To illustrate, we show how two types of nanoparticle contrast agents based on gold (Au) and iodine (I) are used for vascular imaging with DE micro-CT of primary sarcoma tumors (Fig. 7) . Injection of AuNPs followed by the injection of Lip-I 3 days later allowed simultaneous measurement of tumor fractional blood volume (FBV) using the iodine map and vascular permeability using the gold map. Scans acquired at 40 and 80 kVp (with mean energies below and above the k-edge of iodine, respectively) were used to separate Au enhancement from I enhancement. Segmentation was required to separate bone from Au.
DE micro-CT and 4D cardiac micro-CT have been combined to provide 5D imaging [130] and applied in assessing cardiac injury in mice following partial-heart irradiation [164] . Radiation therapy applied in breast cancer can expose the heart to incidental radiation, which can lead to radiation-related heart disease and death. 4 and 8 weeks after 12 Gy partial heart irradiation, mice were injected with nanoparticle-based contrast agents and imaged with DE and 4D micro-CT to evaluate myocardial vascular permeability and cardiac function, respectively. Figure 8 displays DE results from this study, showing overlapped gold and iodine maps. The iodinated nanoparticles enabled 4D imaging for cardiac function estimation. AuNP accumulation in the injured myocardium resulted from the EPR effect at the site of radiation damage.
DE micro-CT can also be applied to separate three materials. A material separation algorithm, developed by Granton et al. [167] can be applied to separate, for example, bone, iodine, and soft tissue. The three material decomposition algorithm assumes that the volume fractions of each basis material in a voxel add to unity. A similar approach has been applied to separate air, iodine, and soft tissue in the lungs [163] .
A promising alternative to DE micro-CT can be provided by PCXDs which acquire perfectly registered data over multiple energy bins with a single scan. The reconstruction process attempts to recover the attenuation coefficient for each specific energy bin (range) enabling high fidelity k-edge imaging with a polychromatic X-ray source and, ideally, emulating k-edge imaging results produced with a tunable, monochromatic, synchrotron source [123] . Paralleling the development of fluorescence optical imaging, a natural extension of these studies is to introduce multiple probes that incorporate different high-Z materials (e.g. iodine, barium, gold, gadolinium) to allow co-localization studies using PCXDs [168] .
Given the limited field-of-view covered by most current PCXDs, hybrid micro-CT systems have been designed that combine a traditional micro-CT imaging chain with a spectral imaging chain [169] . Such hybrid systems use interior tomography for spectral reconstruction within the PCXD's field of view with very promising results. Although many technical problems remain to be solved, it is largely agreed that PCXDs are the next step in CT imaging and that their adoption in the preclinical arena will ultimately translate to new clinical applications A PCXD-based mammography system consisting of a large number of crystalline silicon strip detectors has recently been introduced by Philips (the MicroDose system).
There is little doubt that spectral imaging and novel nanoparticle based contrast agents have the potential to significantly augment CT imaging. Furthermore, some of the CT nanoparticles such as AuNP can be used both for tumor detection since they accumulate in tumors via the EPR effect [142] and therapy. Using mice, Hainfeld et al. [170e172] have shown that tumors loaded with AuNP receive a higher radiation dose than normal tissue without AuNP during radiation treatment, recommending AuNP as possible radiosensitizers in cancer treatment. 
Phase contrast imaging
A common objective of in vivo spectral CT is to separate contrast agents based on high atomic number materials (Z > 50) from biological soft tissues (Z 20) based on energy-dependent discontinuities in mass attenuation (k-edges) which occur within the diagnostic X-ray range (~30e140 keV). For such applications, X-ray photons are treated as particles. Treating X-rays instead as electromagnetic waves, their complex index of refraction is expressed as n ¼ 1 e d e ib which relates to the linear absorption coefficient, m 0 , as b ¼ m 0 *(l/4p) and to the coefficient of phase change, h, as d ¼ h*(l/2p) for X-ray wavelength, l. For diagnostic X-rays Figure 7 . In vivo, dual energy micro-CT vascular imaging in two primary, murine sarcoma tumors. Injection of AuNPs on day 1 and liposomal iodine on day 4 allowed simultaneous measurement of tumor fractional blood volume using the iodine map (red) and vascular permeability using the gold map (green) with a single dual energy scan on day 4. Maximum intensity projections are shown through the segmented tumor volumes. Concentrations of iodine and gold are in mg/ml. (For interpretation of the references to color in this figure legend, the reader is referred to the web version of this article). Figure 8 . In vivo, dual energy micro-CT used to assess accumulation of gold nanoparticles in the left ventricle of mice after partial heart irradiation. Iodine maps (red) were used to contour the total volume of the left ventricle, whereas gold maps (green) from the same animal were used to quantify the volume of the myocardium that had increased gold nanoparticle accumulation (white arrow). Concentrations of iodine and gold are in mg/ml. Gray scale images are scaled in Hounsfield units. The genotypic backgrounds (i.e. Tie2Cre p53 FL/À and p53 FL/þ ) are detailed in Ref. [164] . (For interpretation of the references to color in this figure legend, the reader is referred to the web version of this article).
(10e100 keV) and low atomic number elements (Z 20), d is~2e3 orders of magnitude larger than b and falls off more slowly with increasing X-ray energy (~1/E 2 vs.~1/E 3 ). Because of these factors, phase contrast is lauded for its potential in imaging soft biological tissues without the need for exogenous contrast agents and with potentially reduced radiation dose [59, 173] . These theoretical advantages have been practically validated using monochromatic, synchrotron X-ray sources and one of several imaging schemes, including (1) propagation based, (2) analyzer-crystal based, and (3) grating interferometer based phase contrast. Propagation based phase contrast imaging relies on the propagation distance of X-rays after they have been refracted within the sample (i.e. on the object-detector distance). Rotating the sample and acquiring projections at a single distance allows reconstruction of hybrid, edge-enhanced data in which the absorption information is augmented by the Laplacian of the refractive index. Explicit phase and absorption retrieval are possible by acquiring the projections at several object-detector distances followed by algorithmic post-processing [174] . Analyzer crystal based methods rely on Bragg diffraction within a silicon single crystal. Acquiring projections with a fixed sample position as the angle of the analyzer crystal is varied with respect to the X-ray beam exiting the sample yields a "rocking curve" (crystal angle vs. recorded intensity) from which refraction and apparent absorption projections can be recovered [175] . Grating interferometer based phase contrast methods use aligned, micron-scale gratings to generate systematic interference fringes in the propagating X-ray wavefront. Refraction within the sample shifts the interference fringes, allowing recovery of the differential of phase shifts caused by the object from intensity curves generated by stepping the sample or a component grating through a grating period (phase stepping) while the sample position remains fixed [176] .
One of the primary challenges in translating these phase contrast imaging methods from synchrotron beam lines to routine clinical and preclinical application is the comparatively low brilliance and low coherence of laboratory X-ray sources; however, technological developments is this area are very promising. Pfeiffer et al. have demonstrated the effective translation of the Talbot-Lau grating interferometer from a synchrotron source to a polychromatic X-ray tube source through the addition of a source grating which collimates the source beam into an array of individually coherent X-ray lines sources [177] . They have also demonstrated the recovery of three contrast mechanisms with a single scan (absorption contrast, differential phase contrast, and dark field scatter contrast) [178, 179] and have developed a prototype small animal scanner in collaboration with Bruker MicroCT [179, 180] . Additionally, they have demonstrated the potential value of differential phase contrast and dark field imaging in several applications including cancer identification and classification [181, 182] and lung imaging [183] . Figure 9 is adapted [181] and compares phase and absorption contrast results using a synchrotron and laboratory source with magnetic resonance imaging (MRI) data and histology in a mouse model of pancreatic ductal adenocarcinoma. As an alternative to the Talbot-Lau interferometer with source grating, a non-interferometric, grating based approach for differential phase contrast with a laboratory source, called coded aperture X-ray phase contrast imaging, has been proposed and demonstrated using a physical phantom [184] . Additional work has been done with an analyzer crystal based setup and a laboratory source [185] . A commercial mammography scanner which exploits propagation based edge enhancement has been developed by Konica Minolta, Inc (the REGIUS PureView).
Several technical challenges must be overcome prior to the wide-spread adoption of phase contrast imaging. High quality tomographic reconstructions of differential phase contrast data using a Talbot-Lau grating interferometer can require hours to tens of hours of scanning owing to the flux limitations associated with laboratory X-ray sources which are exacerbated by collimator-like phase gratings and owing to the phase stepping performed at each sample rotation angle [186] . A single-shot alternative to phase stepping which uses Moir e patterns and Fourier analysis has been demonstrated using a physical phantom and could lead to significantly reduced scan times [187] . Phase wrapping in thick specimens and bone poses a significant hurdle for preclinical and clinical imaging; however, algorithms have already been proposed and demonstrated for phase unwrapping [180, 188] . Additional fabrication challenges are associated with scaling the field-of-view and viable energy range for grating interferometers. Proposed solutions to these problems include helical scanning [186] and inclining the gratings with respect to the beam direction for reduced transmittance of high energy photons [189] , respectively.
In addition to technological developments, the adaptation of iterative reconstruction algorithms to the problem of tomographic phase-contrast image reconstruction will undoubtly reduce associated scanning times and radiation dose. Preliminary work has been presented in literature illustrating how existing iterative CT reconstruction algorithms can be modified for this purpose [190, 191] . Furthermore, techniques for enforcing gradient sparsity in phase contrast data have been demonstrated [192, 193] .
Conclusions
Micro-CT provides a reliable platform for small animal imaging that is complementary to other small animal imaging methods, enabling numerous morphological and functional imaging applications. The radiation dose and low contrast associated with X-ray imaging are well-known; however, newly developed contrast agents and novel acquisition and reconstruction strategies show extraordinary promise in overcoming these limitations. Combined with exciting new opportunities in spectral and phase contrast imaging, these developments will surely continue to expand the applications for micro-CT in small animal models.
